INTRODUCTION
During level walking, the knee moment is a net absorber of mechanical energy [1] . This has inspired the development of controlled dampers to control the knee joint in prosthetic limbs [2] . The C-Leg and Rheo Knee are the main commercial versions of this concept. These devices perform well for control of the swing phase and provide a safe weightbearing platform during stance. However, patients do not achieve normal gait kinematics and kinetics. Specifically, there is a lack of knee flexion during stance [3] . Such gait abnormalities and compensatory adaptations may limit the patient's mobility and over time contribute to overuse injury and osteoarthritis.
We propose that abnormal gait is a consequence of the fact that these devices can at no time generate positive work. Positive work is needed at a few critical times in the normal gait cycle, and especially so during more demanding activities such as rising from a chair and uphill locomotion.
Here we introduce a concept for an energy-storing prosthetic knee which aims to overcome these limitations. By storing energy during times of negative power, positive power can be released when needed at a later time. We will present a dynamic computational model of the device, and use open loop optimal control methods to examine feasibility for walking, running, and rising from a chair.
METHODS
The proposed prosthetic knee consists of a rotary hydraulic actuator at the knee, controlled by two valves (Figure 1 ). Valve 1 controls flow to a spring-loaded accumulator where energy is stored, and valve 2 bypasses the accumulator. When valve 1 remains closed, the mechanism is equivalent to a controlled damper as in the C-Leg and Rheo Knee.
Valve 1 controls the energy storage and release. For instance, when sitting down, valve 2 should be mostly closed and valve 1 should be open to let fluid flow into the accumulator. Once sitting, valve 1 must be closed to keep the spring in its deformed state and valve 2 can be opened to relax the joint. When it is time to stand up, valve 1 should open, valve 2 should close, and knee extension can be actively generated from fluid being pushed back into the actuator.
Kinematic and kinetic data were collected from three ablebodied subjects (88±23 kg, 170±11 cm) during walking, slow running, and a sit-stand-sit cycle. Data were processed by Orthotrak (Motion Analysis Corp.) into joint angles 0 (t) and joint moments M 0 (t). Due to the series arrangement of spring and valves, the hydraulic system has first-order internal dynamics, with the accumulator pressure P 2 as the state variable. Each valve was modeled using a quadratic relationship between pressure drop P d and flow rate v:
where B is a viscous drag coefficient for the valve and associated tubing, C is the valve constant, and u(t) is a continuously variable control signal between zero (closed) and one (open). The accumulator was modeled as linear elastic:
The rotary actuator was modeled as:
where R is the radius of the rotary actuator and A the vane (piston) area. The resulting set of differential-algebraic equations was time-discretized and optimal controls u 1 (t) and u 2 (t) were found via direct transcription and nonlinear programming [4] . The cost function was a weighted sum of squared angle tracking errors, squared moment tracking errors, and squared acceleration cost for operating the valves:
( ) 
where 0 (t) and M 0 (t) are knee angles and moments from the able-bodied subjects performing the movement being simulated. To ensure that no net energy is injected via initial conditions, we use periodic human movement data and periodic boundary conditions for the dynamic model. 
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RESULTS AND DISCUSSION A typical optimal control solution for normal walking is shown in Figure 2 . The prosthetic knee model was able to reproduce the angle-moment-time relationships of able-bodied movement almost perfectly. In order to do this, valve 2 is closed during stance and open during swing, similar to typical controlled damper knees. Additionally, valve 1 opened to allow spring action in late swing and early stance phase. Figure 3 shows a typical optimal control solution for a sitstand-sit cycle. As hypothesized, valve 1 opens to absorb energy during sitting down (50-80% of cycle), remains closed during sitting (80-10%) and then opens again to assist the standing up (10-40%). The optimal controls are continuous and produce smooth transitions between these phases.
Results were consistent across subjects ( Table 1) . Tracking of able-bodied data was worst during running. Nevertheless, some stance phase flexion-extension was observed. Optimal accumulator stiffness varied between movements (Table 1) and appeared to be proportional to subject weight. Simulations in which stiffness was fixed at 5 MPa/ml were also obtained, and showed acceptable performance for walking and running, but the sit-stand-sit cycle was significantly compromised. Designs with two accumulators may be considered to eliminate this problem.
A limitation of our approach is that human body dynamics was not considered. When tracking errors are small, dynamic consistency is guaranteed because results remain close to actual human performance. When tracking errors are large, however, results may no longer be consistent with a possible human performance. Potential novel movements can only be evaluated when the model includes full body dynamics. Such a model will also allow prediction of compensatory actions.
The results presented here can guide the hardware design (accumulator stiffness, valve constants). It should be noted that the open loop control patterns can not be directly applied in a clinical setting. Sensor-based controls must be developed from these optimal patterns, which will allow patients to control the cadence and amplitude of their movements. 
CONCLUSIONS

